Spectroscopic measurement of light that is reflected from biological tissue in vivo is being investigated for various clinical applications. One special object of investigation using optical methods is the human ocular fundus. A fundus reflectometer that enables the simultaneous acquisition of up to 192 spectra arranged in a horizontal line across the fundus is described. The underlying optical principle of the device is the confocal imaging of an illuminated narrow, slitlike field at the fundus to the entrance slit of a spectrograph. This is imaged by the grating of the spectrograph onto a two-dimensional CCD chip that records the local distribution of ocular fundus reflectance spectra within a wavelength range of 400 up to 710 nm with a resolution better than 2 nm and a local resolution of 23 m in a field dimension of 1.5 mm. The performance of the device was investigated, the effects of confocal and nonconfocal imaging are discussed, and some representative measurements are presented. © 1997 
INTRODUCTION
While the ophthalmologist usually estimates the structure and the color of the ocular fundus, additional knowledge of the spectral distribution of the light that is reflected from the eye ground may be important in diagnostics as well as in laser therapy. Since the first spectrally resolved photometric measurements were made of light reflected from the human ocular fundus, in vivo reflectometry has been used to describe the physiological state of the fundus and pathologic processes. [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] [12] [13] [14] [15] [16] [17] [18] [19] The extinction of melanin, 7 xanthophyll, 14, 18 and hemoglobin 2, 14, 18 inside the retina and choroid may be measured by spectrally resolved fundus reflectometry. In addition, the oxygen saturation of blood 3, 18, [20] [21] [22] and the concentration and regeneration kinetics 1, 5, 8, 9, 11, 12, 15 of photopigments can be determined and the effect of photocoagulation [23] [24] [25] [26] may be investigated. Different types of fundus reflectometers and densitometers have been developed over the past 40 years. 1, 2, [4] [5] [6] [7] [8] [9] [11] [12] [13] 18, 27 All these instruments, however, are restricted to measurement at a single location 2, 6, 11, 12, 18, 27 of the fundus or to a few wavelength bands that are determined by the transmittance of the interference filters used 1, 8, 9 or laser wavelengths in a scanning laser ophthalmoscope. 4, 13 Furthermore, most of these devices illuminate a field at the fundus that is larger than the detection area, so that not only reflected light from the field under investigation contributes to the measurement, but also light that is scattered over a greater distance. This paper describes a fundus reflectometer that is able to record the reflectance spectra of up to 192 sites arranged in a horizontal section across the fundus using imaging spectroscopy. 28, 29 This technique is based on the ability of the spectrograph to spectrally resolve and image its one-dimensional entrance slit onto a two-dimensional CCD matrix camera.
Imaging spectroscopy of the ocular fundus provides a unique opportunity to detect the local distribution of chromophores as well as differences in the scattering properties of the tissue within a single measurement. Errors due to head and eye movements in successive measurements at different locations are avoided. This is useful in oxymetric measurements in single retinal vessels, 21, 22 in the determination of the optical density of fundus pigments such as xanthophyll and melanin or metabolic deposits in exudates or drusen and their local distribution, and in the investigation of local differences in retinal scattering behavior as, for example, in nerve fiber bundles or edema. The performance of this apparatus was investigated and the influence of confocal and nonconfocal illumination is discussed. First, however, representative measurements are presented.
EXPERIMENTAL SETUP

OPTICS
The basic instrument used is the RCM 250 fundus camera (Carl Zeiss, Jena, Germany), which illuminates the fundus by ( Figure 1 ) a tungsten halogen lamp (TL), mirrors M1, M2, and M3, and lenses L1, L2, and L3. Observation of the fundus is possible with a field angle of 45 deg in the commonly known principle of aperture division by lenses L3, L4, L5, and L7, and mirrors M4, M5, and M6. In a plane conjugate to the retina, a slitlike field stop (D1) was added, which was inserted into the illuminating beam of the camera for the duration of the measurement only. Furthermore, mirrors M1 and M5 were removed and a field at the fundus with a size of 40ϫ1500 m 2 was illuminated by a nonpolarized xenon arc flash lamp (XL). This fundus field was imaged confocally onto the entrance slit of the spectrograph CP 200 (Jobin Yvon, Longjumeau, France). The spectral range was 400 to 710 nm and the resolution was better than 2 nm.
To achieve confocallity, a field-size adaptation was necessary and was provided by a system of two astigmatic lenses (L6). Furthermore, each point of the one-dimensional image of the illuminated retinal area in the entrance slit of the spectrograph was spectrally resolved and imaged onto one line of the front cathode of an intensified CCD camera (Princeton Instruments, Trenton, New Jersey). The light impinging on the S 20 cathode was enhanced by a multichannel plate intensifier and guided to the CCD matrix by a fiber taper, yielding a twodimensional image. The horizontal coordinate of this image represents the spectral dimension while the local resolution is drawn on the vertical coordinate. This optical concept, which is called imaging spectrometry, makes it possible to measure the local distribution of fundus reflectance spectra (referred to as stripes) with a single flash.
ELECTRONICS AND DATA ACQUISITION
The whole process of data acquisition was governed by the CCD detector controller. In a continuously running mode, the CCD matrix was cleared after a period of 100 ms of dark charge integration. When starting a new integration, a signal was sent to the flash lamp supply. After the adjustment of the patient's eye in front of the fundus camera, the operator pressed a button to initiate the measurement. This button signal was linked by an AND gate with the signal from the detector controller so that the start of the measurement procedure was synchronized with the start of the integration phase of the detector. The measurement started with the electrical insertion of the confocal field stop D1 and the removal of mirrors M1 and M5, followed by a xenon flash with a duration of at least 10 ms. The whole procedure took some 10 ms so that the light flash that was reflected from the patient's ocular fundus was recorded by the CCD within its integration time of 100 ms. Afterward the recorded image was digitized with a resolution of 14 bits and stored in a personal computer. To reduce noise, the charges of three neighboring stripes were integrated at the CCD before reading the chip (on-chip binning). This resulted in an image consisting of 64 stripes (I͓2͔...I͓65͔) representing the spectra of 64 neighboring locations. In addition, one spectrum was simultaneously recorded at 3.4 deg (about 1 mm in emmetropic eyes) to the illuminated area and was stored in stripe I͓1͔ for intraocular stray light correction purposes. The readout time of the whole image was 265 ms.
CALIBRATION, DATA PROCESSING, AND IN VIVO MEASUREMENT
Before each measurement, the reflectance of a black wall about 1 m from the camera was recorded (I b ). This wall reflected virtually no light into the measuring aperture of the camera so that the dark charge, internal stray light, and reflexes by the ophthalmoscope lens L3 were recorded as a background for the correction in all further measurements. All ocular fundus reflection data were related to that of a standard white reflection target with the Lambertian characteristic (Spectralon, Labsphere Inc., North Sutton, New Hampshire). The reflection (I 0 ) of an artificial eye with this target in its focal plane was detected and set to unity. For the enhancement of the signal-to-noise ratio, the measurements of the background and the white standard target were averaged ten times.
Measurements in healthy persons and patients were performed with their agreement according to the guidelines of the Declaration of Helsinki and under the approval of a local ethics committee. The subject's pupil was dilated to a diameter of at least 
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6 mm. The area of interest at the fundus was adjusted to a reticule in the ocular of the fundus camera that represented the location of the illuminated fundus field when the field stop was inserted during the measurement. For that reason, the subject was asked to look onto a fixation target, which was adjusted in a plane conjugate to the retina. Ten spectral images (I) were recorded. If necessary, it was possible to correct the subject's fixation between the single measurements. The background (I b ) was subtracted from all white standard (I 0 ) and fundus reflection (I) images. To compensate for intraocular stray light, the spectrum I͓1͔ of a nonilluminated location at the fundus was subtracted from the spectral images. The measurements from the ocular fundus were related to those from the artificial eye with the white fundus target. Each of the resulting ten images represented the local distribution of relative reflectance spectra at the chosen fundus site:
However, in spite of the high local resolution of the method (see Sec. 3.3), even the smallest eye movements led to differences in the images. These were compensated by an alignment procedure in the following way: One of the ten images was chosen as the reference and all other images were shifted in the direction of the local resolution (vertically) until a maximum of correlation with the reference image was reached. All images that had a correlation coefficient beyond a predefined value (0.988 or greater) were averaged to improve the signal-tonoise ratio.
PERFORMANCE
RETINAL IRRADIANCE
In order to estimate retinal irradiance during the examination, the energy of a single flash was measured in the pupillary plane by a RjP 735 EP detector (Laser Probe Inc., Utica, New York). This is a pyroelectric detector optimized for pulse lengths of up to 10 ms. Since about 95% of the flash energy was emitted within the first 10 ms, the energy values given by this detector may be considered to be realistic if they are triggered by the flash itself. Using the field stop described in Sec. 2.1, we measured an energy of 36.8Ϯ2 J, corresponding to a retinal irradiance of 49 mJ/cm 2 . This is about 25% of the maximum permissible exposure (MPE). 30 A further reduction to 12.84Ϯ0.81 J was achieved by the use of a heat protection filter.
Although ANSI Z 136.1 deals with the exposure of the eye to laser light, it can be used in the following way: The illumination by a fundus camera with a 40ϫ1500-m 2 field was treated as an extended source. For an exposure duration shorter than 10 s, the MPE is independent of the wavelength between 400 and 700 nm. According to Delori, Parker, and Mainster 31 the spectral weighting function for the retinal damage susceptibility equals unity in the spectral range for exposures between 1 ms and 10 s. In order to account for the effect of 10 exposures with a maximal repetition rate of one per second, the ''long exposure'' and the ''short exposure'' were calculated to be 32 and 2.5% of the MPE, respectively.
30,31
PHOTOMETRIC RESOLUTION
First the maximum optical density that can be detected is considered. It is assumed to be the logarithm of half of the maximum signal-to-noise ratio:
where 0 is the standard deviation of I 0 , b that of the background noise, and n is the number of the averaged measurements. OD max was determined to be about 2 for nϭ10 by the detection of 50 consecutive measurements of I 0 and I b (Figure 2 ). The wavelength dependence results from the spectral distribution of the radiation power of the lamp, the spectral transmission of the optics, and the spectral sensitivity of the detector. This, however, is not the optical density with respect to the radiation power entering the eye, but the density with respect to the power scattered by the white Lambertian reflectance target into the solid angle of the entrance aperture of the camera. It is about 1 percent of the incident power. The smallest difference in the optical density that can be resolved in the case of a given density is determined by the measured signal I OD and the rms of its noise OD :
This was determined from the mean value and the standard deviation of 50 consecutive measurements using neutral density filters. The minimum detect- able optical density difference is shown in Figure 3 as a function of the optical density at a wavelength of 500 nm (solid line). The broken line represents a theoretical value assuming the noise to be the Poisson-distributed photon noise:
The main reason for the discrepancy of the experimental and the theoretical values is the limited stability of the flash lamp. Photometric accuracy and linearity were checked using calibrated neutral density filters that were inserted into the illuminating light path. The nominal and measured extinction values and their differences at 500 nm are given in Table 1 . In any case, the differences between the nominal and the measured extinction are smaller than the minimal resolvable optical density differences. However, the measured density is always less than the nominal one, probably because of a reflex from the ophthalmoscope lens. Therefore this reflection was measured together with the background and subtracted from the signal in all further measurements.
SPECTRAL AND LOCAL RESOLUTION
As Abbé proposed, the light of the first diffraction order has to pass the aperture of an optical system for proper imaging of an object. 32 Therefore, the angle of the first diffraction maximum has to be less than the aperture angle ␣ of the optics, which is determined by the focal length l of the eye and the entrance pupil of the ophthalmoscope:
The diffraction angle k of the k'th order of a slit with the width b is given by
According to Abbé, we set ␣ϭ 1 and get bϭ 3l 2r
for the minimal width of a structure which should be resolved by our imaging system. We calculated bϭ18.7 m for the fundus camera used, which possessed an aperture radius of 0.75 mm in the pupillary plane. This entrance pupil is a compromise between the theoretical resolution and image distortion by spherical aberration, which becomes significant at larger apertures. For the experimental determination of the lateral resolution of the imaging fundus spectrometer, we used the U.S. Air Force resolution target 1951 (Oriel Corporation, Stratford, Connecticut) in the focal plane of an artificial eye with a focal length of 20 mm. All measurements at the target were corrected to the actual focal length of the human eye (17 mm). One stripe at the CCD chip corresponds to a distance of 7.8 m at the ocular fundus. According to Rayleigh's criterion, a resolution of 20 m was measured. In order to improve the signal-to-noise ratio of our measurements, we chose a binning of each of three adjoining stripes. In this configuration, we achieved a resolution of 23.8 m, which is in good agreement with the calculated distance at the fundus of 23.4 m and corresponds to three binned stripes at the CCD.
The spectral resolution of the spectrometer was checked using a mercury arc lamp. It was possible to resolve the mercury emission lines at 577 and 579 nm so that the spectral resolution was regarded to be better than 2 nm.
Using a semi-confocal optical system (see Sec. 3.5) a depth resolution of 1.3 mm was achieved.
APPLICATION OF THE POINT SPREAD FUNCTION FOR THE COMPENSATION OF IMAGE DISTORTIONS
The quality of an optical system may be described by its point spread function (PSF). The PSF of the imaging fundus spectrometer was recorded by placing an illuminated vertical slit in the focal plane of an artificial eye that was narrowed to illuminate Figure 4 at 500 nm.
In the case of a space-invariant system, the image y of an object x can be described by the following convolution integral:
In a more general sense, the image is a linear map of the object:
yϭAx.
In our case, the one-dimensional object can be described as a vector in R N where N is the number of locations from which the spectra were recorded. Thus, the operator A() is an NϫN matrix that can be obtained by measuring the PSF at all N locations: Assuming x (k) () to be the multiple of a ␦ function for all kϭ1...N, and measuring its image
can be calculated. In order to correct the image y() of an arbitrary object x() for aberrations of the optics, the image has to be multiplied by the inverse matrix A() Ϫ1 . This has to be done for all wavelengths separately. The dotted line in Figure 4 shows the PSF at 500 nm after the correction.
COMPARISON OF CONFOCAL AND NONCONFOCAL IMAGING
In confocal imaging a small spot is focused onto the object. Only the light that is reflected from this illuminated area is detected using a field stop in a plane conjugate to the object in front of the detector. The advantage of this technique is that stray light is removed. If the object is a scattering bulk material, the plane of interest can be observed by focusing the spot and the field stop on it. In our arrangement, the illuminating spot is produced by the slitshaped diaphragm (D1) in the fundus camera and the confocal field stop is the entrance slit of the spectrograph. Since both diaphragms are slits instead of pinholes in our apparatus, this setup will be referred to as semiconfocal. In the recent version of the device, D1 is focused onto the fundus of an emmetropic eye resulting in a strictly semi-confocal imaging only in this case. All fundus spectrometers described in the literature 2, 11, 12, 18 have different sizes of illuminated and observed fields so that their imaging is nonconfocal.
In order to investigate the effect of semiconfocal versus nonconfocal imaging, we removed the field diaphragm D1 and illuminated a large field at the fundus. The signal at the white standard reflection target was nine times higher than in the semiconfocal mode and the signal-to-noise ratio increased by a factor of 3. This must be attributed to volume scattering in the target. However, the local resolution was even worse: 38 versus 23.8 m in the semiconfocal arrangement.
We also studied the contrast of a hair in front of a white reflection target using different D1 diaphragms. This contrast generally falls when the illuminated field becomes larger, as shown in Figure  5 for different wavelengths. The wavelength dependence of the contrast may be attributed to chromatic aberration of the optics. We found a pinhole with a diameter of 1.5 mm at the fundus to be a good compromise between the contrast and the signal-to-noise ratio. Therefore we measured the distribution of the spectra across two large blood vessels near the optic disk using the slit and the pinhole as field stop D1. The vessel profiles at 540 nm are depicted in Figure 6 and the reflection spectra recorded at the center of the artery are shown in Figure 7 . The reflection measured in the case of nonconfocal illumination is much higher than in the semiconfocal case, indicating that the effect of volume scattering in the fundus tissue exceeds that in the white reference target. It indicates that most of the light detected with nonconfocal illumination is scattered from its surroundings into the field under investigation. This should be taken into account in the interpretation of the fundus reflectance spectra. Hammer et al. 33 tried to fit a fundus reflectance model established by Delori and Pflisben 2 to their measurements without success. On the other hand, the model fit the measurements given by Delori and Pflisben. 2 The reason for this might be that the scattering term of the model according to the Kubelka-Munk theory is valid for the nonconfocal measurement but not for the confocal one.
REPRESENTATIVE MEASUREMENTS
Some representative measurements are shown in Figures 8 through 11 . The fundus reflectance is depicted in a logarithmic scale as a function of wavelength and location. Figure 8 shows the reflectance spectra of a normal macula, the location of the highest visual acuity. The local distribution of the spectra (a) as well as the central spectrum (b) and the local distribution of the intensity of the reflected light at 465 nm (c) are presented. The reflection at wavelengths greater than 600 nm is determined by the absorption of melanin in the choroid and in the retinal pigment epithelium. Below 600 nm, reflection strongly decreases due to hemoglobin absorption. The minima at 542 and 576 nm (see also Figure  7 ) correspond to the absorption maxima of oxygenated hemoglobin. Thus the spectral course of the reflectance may be used to determine the oxygen saturation of blood. 21, 22 The reduction of reflectance in the fovea below 520 nm results from the absorption of light by xanthophyll. Furthermore, the spectral characteristics of the anterior ocular media contribute to the reflection spectra. The concentration of single pigments can be evaluated by fitting mathematical models of the fundus reflection to the measured spectra. 2, 14, 18, 33, 34 In Figure 9 , reflectance spectra of an exudate in a patient suffering from diabetic retinopathy are shown in the center of the local distribution. Here the spectral characteristics of the normal fundus shown at the edges are hidden by the nonabsorbing lipid that is deposited in the exudate. Figure 10 shows the local distribution of the reflectance spectra of blood vessels just below the optic disk (a), the spectra of an artery and a vein (b), and the vessel profile at 559 nm. Measurements like these are suitable for calculation of the vessel diameter and the oxygen saturation of the blood inside the vessels. 21, 22 Finally, the spectra from a branch vein thrombosis are considered. In Figure 11 , the ''valley'' at the right-hand side of the local spectral distribution is the reflectance of the occluded vessel while that at the left-hand side is due to a hemorrhage. Fitting a model that incorporates the absorption spectra of oxygenated and reduced hemoglobin to the measured reflection spectra by varying the model parameters, the local distribution of oxygen saturation of blood can be determined. In the thrombosis case shown, a reduction of hemoglobin oxygenation from the center of the hemorrhage to the occluded vein was found. 34 
CONCLUSIONS
The described method of imaging spectroscopy enables one to record the local distribution of spectra along a horizontal section across the human ocular fundus in vivo. According to initial measurements Fig. 9 Local distribution of the reflectance spectra from an exudate in a patient suffering from diabetic retinopathy. Fig. 10 Local distribution of the reflectance spectra from (a) blood vessels, (b) spectra of an artery (top) and a vein (bottom), and (c) a local cross section at 559 nm. Fig. 11 Local distribution of the reflectance spectra from a thrombosis. The spectra of a hemorrhage can be seen to the left of the occluded vessel.
in patients, the method appears to be promising for the investigation of pathological mechanisms of ocular and systemic diseases, in diagnosis, and in the control as well as the optimization of therapy. A combination with optical coherence tomography 35 to measure optical path lengths in vivo may be of special interest. Using this combination, the concentration of fundus pigments can be calculated from the reflectance spectra. However, further work has to be done, especially with respect to the effect of scattering and wave propagation in tissue on the reflectance spectra.
